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Biomechanical models of cough sounds in pneumonia:  
mechanisms underlying sound-based diagnosis  
in low-resource settings 
 





Objective. This paper describes a theoretical study of physical mechanisms underlying the 
generation of cough sounds and the expected differences in such sounds caused by anatomically 
localized pneumonia. 
Methods. A fresh, first-principles, physics-based analysis is done, describing radial motion of 
bronchi after sudden decompression of intrathoracic pressure during the early and middle phases 
of a cough.  The mechanical model of each bronchus is a spring-mass-damper system, in which 
the spring force comes from elastic properties of the bronchial wall, the mass term comes from 
the bronchial wall and any surrounding fluid or pus in pneumonia, and the damping term comes 
from the extracellular matrix within bronchial walls.  Upon release of pressure built-up during 
the compressive phase of the cough, model bronchial walls undergo damped sinusoidal motion.  
Cough sound intensity is computed as the weighted average of the signed products of air density 
and the squares of local radial wall velocities, with weighting factors determined by the 
aggregate inner surface areas of bronchi at each segmental level.  Established anatomic and 
physiologic data, coupled with classical scaling rules, are used to create adult and child sized 
models with or without pneumonia.  Digital signal processing is done to separate the hidden 
pneumonia-related signal from raw cough sound data. 
Results. Numerical computations generate simulated cough sounds of realistic amplitudes, 
durations, and frequency content.  Large airways generate loud sounds, and small airways 
generate much softer sounds.  Cough sounds generated by medium and small airways that are 
surrounded by pneumonic fluid have lower frequency and longer duration.  Simple low pass 
filtering separates the fainter, prolonged, pneumonia-related sounds from louder, earlier sounds 
generated in the trachea and main stem bronchi.  The ratio of the root mean square (RMS) low-
pass filtered sound pressure to the RMS raw sound pressure, plotted in the time domain, provides 
excellent discrimination of pneumonia models from normal ones.  Involvement of as little as 
10% of the total lung tissue with pneumonic fluid infiltrate yields a 4-fold difference in the RMS 
power ratio. 
Conclusions.  This work demonstrates a heretofore unrecognized mechanism underlying cough-
sound based recognition of pneumonia cases that is anatomically, physiologically, and physically 
realistic, strengthening the rationale for a low cost, easy-to-use, completely painless, and cell-
phone-based diagnostic tool for childhood pneumonia in remote, low-resource settings. 
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Bacterial pneumonia kills over one million children under 5 years old worldwide each year, 
especially in Africa and South East Asia[1,2].  An estimated 35 to 50 percent of these deaths 
could be prevented with correct diagnosis and antibiotic treatment[1].  The World Health 
Organization (WHO) has developed a simple clinical algorithm to classify childhood pneumonia 
in resource poor regions of the world that does not require chest x-ray images.  This algorithm is 
based on the presence of rapid breathing rate, breathing difficulty, cough, and chest retractions.  
However, the WHO algorithm has unacceptably low specificity (16–47%) in diagnosing 
pneumonia[3].  The low specificity largely comes from the use of breathing rate and chest 
retractions in the algorithm, both of which may be associated with other conditions such as 
anxiety, anemia, or asthma.  This leads to many false positive diagnoses, excessive antibiotic 
prescription and wastage of rare drug stocks, the killing off of beneficial intestinal bacteria, and 
the proliferation of drug resistant bacterial strains.  The lack of low cost, field-deployable, and 
rapid diagnostic technology is one of the key challenges in combating global pneumonia 
mortality.  Development of new technologies for the diagnosis of childhood pneumonia, 
especially simple, portable devices for remote and resource-poor regions remains urgently 
needed. 
 
In a project supported by a Grand Challenges in Global Health Exploration Grant, funded by the 
Bill & Melinda Gates Foundation, Abeyratne and coworkers[3,4] have developed a promising 
system for audio-analysis of cough sounds to extract an otherwise hidden, pneumonia related 
signal.  Such a low cost, portable indicator of actual pneumonia, perhaps ultimately cell-phone-
based, could boost the specificity of WHO criteria.  To optimize the performance of such a 
system, a detailed, physics-based theory of the origin of the pneumonia-related signal would be 
helpful.  Accordingly, the objectives of the present study are (1) to identify the underlying 
biophysical mechanisms generating cough sounds in normal lungs and in cases of lobar 
pneumonia, and (2) to show proof-of-concept for efficient signal processing algorithms that 










During the initial compressive phase of a cough, the glottis closes and the abdominal muscles 
contract, forcibly increasing air pressure in the lungs and chest cavity against the closed glottis.  
Then the vocal cords open and air rushes out very quickly, expelling mucus and irritants in the 
upper airways.  The time domain waveforms of typical normal cough sounds have been 
published and are freely available[5].  A sketch of the key phases of cough sounds in the time 
































Figure 1. Envelope of a typical cough sound waveform consisting of three phases.  Redrawn 

































Figure 1 shows the envelope of the cough sound intensity in the time domain as a heavy curve 
surrounding the shaded region.  Within the envelope are mixed, amplitude modulated, sinusoidal 
sound waves with dominant frequency content in approximate range of 300 to 1200 Hz.  The 
signal also includes higher frequency noise associated with airflow.  The present modelling effort 
focuses on the first two phases of the cough sound, from the peak amplitude in the early 
explosive phase to the tail region of the intermediate phase.  In the present study we shall ignore 
the voiced (grunting) phase of the cough[5], which happens later, when the glottis rebounds and 
partially closes again, allowing some residual airflow through the vocal cords.  
 
The biomechanical hypothesis underlying this mathematical modeling project is that the cough 
sounds of the explosive and intermediate phases are created by the collapse and rebound of the 
bronchial walls in the radial direction during the first few hundred milliseconds after the glottis 
opens and airway pressure is released.  Within this interval the bronchial walls will tend to 
resonate with damped harmonic motion.  An implication of this hypothesis is that the sounds of 
coughs in patients with penumonia must be fundamentally different from those in normal 
patients, because the extra mass of fluid in lung lobes with pneumonia causes the walls of 
bronchi passing through the pneumonic region to resonate at a lower frequency.  In 
bronchopneumonia there is inflammation of the bronchi and immediately surrounding lung 
tissue, which adds to the effective mass of the bronchial walls.  In lobar pneumonia the 
inflammation fills much of one entire lobe, adding even more effective mass to bronchial 
walls[6], which further slows the radial acceleration and the radial vibration frequency of 
airways traversing pneumonic regions.  The differing natural resonant frequencies of these 
effective spring-mass-damper systems during the explosive and intermediate phases of cough 
sounds may explain the differing sounds of the coughs in children with bronchitis versus 
pneumonia that Abeyratne and coworkers have observed experimentally[3].   
 
The specific initial conditions explored here are created as pressure builds up in the airways 
behind the closed glottis prior to the cough.  After the compression phase just before glottis 
opening the airways are splinted open by back pressure; there is no airflow; and pressures in the 
large bronchi and in the alveoli are equal.  Then, during the explosive phase of the cough, the 
pressure in the larger airways is suddenly released.  Pressure in surrounding alveoli remains high, 
initially, and is gradually dissipated by venting over the duration of the cough.  In this scenario 
the bronchi suddenly shrink in the radial dimension and then resonate like a dropped spring-
mass-damper system.  In a normal person the mass of the bronchial wall is relatively small and 
the resonant frequency should be relatively high.  However, in a person with pneumonia there 
would be a larger mass of fluid and pus surrounding the airways, and as a result of Newton’s 
second law of motion, the resonant frequency would be lower.  Under these conditions there may 
be hidden low frequency components in the cough sound that are clues to the presence of 






Bronchial model and equation of motion 
 
To explore this biomechanical hypothesis, detailed calculations are done for the mathematical 
models sketched in Figures 2 and 3.  Here the airways are modeled as a series of viscoelastic 
segments of branched tubes, assuming, for simplicity, that the straight segments are much longer 
than the branch zones, that airflow occurs at the branches smoothly without turbulence (laminar 
flow), and that the branches at each level are all the same size (Figure 2(a)).  In this case the 
resistance to airflow in each generation of bronchi can be computed using Poiseuille’s law.  
Also, the bio-domains surrounding each bronchus become smaller as the generation number 
increases.  That is, the cross-sectional area of lung tissue, including alveoli, associated with an n-
th order bronchus for n > 1 is proportional to 1/n.  This cross-sectional area would appear in a 
plane perpendicular to the page in Figure 2(a), but in the plane of the page in Figure 2(b).  
Laminar flow of air is assumed to occur at airways and at junctions (dashed lines in Figure 2(a)).  
The local resistance, R̂k , of each segment at level, k, is given by Poiseuille’s law.  The parallel 
resistance, Rk , of all  nk  airways at a particular level, k, is given by the parallel combination of 
identical resistances at level, k, namely, Rk =
R̂k
nk

















Figure 2(a).  Straight segments of tracheobronchial tree.  Level 1 is the trachea.  Level 2 
contains main stem bronchi.  Level 3 contains lobar bronchi, etc.  The number of straight 
segments at level, k, is denoted nk .  The sketch shows n1 = 1, n2 = 2, n3 = 4, and n4 = 8.  
However, mathematically the numbers, nk , at each level can be arbitrary without loss of rigor.  
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Figure 2(b).  Biomechanical models of bronchi in health and disease, shown in cross section.  
(a) normal; (b) bronchitis with wall edema and some luminal pus; (c) bronchopneumonia with 
circumscribed inflammation inside and outside the bronchial wall; (d) lobar pneumonia with 
massive inflammation of adjacent lung tissue and alveoli, surrounding the entire bronchus.  
Crosshatch shading indicates bronchial walls; dotted shading indicates inflammatory infiltrate 






























Figure 3.  Equivalent spring-mass-damper model of radial bronchial wall motion during 
cough.  Variable, x = r − r0 , denotes radial displacement from the unstressed state (when 
internal pressure equals external pressure at time zero just before the explosive phase).  Pi – Po 
< 0 denotes collapsing pressure on bronchial wall.  Variables    and  k  denote lumped 
damper and spring.  Variable  m  denotes effective mass of a sector of the bronchial wall and 
any surrounding inflammatory infiltrate or edema fluid.  With the glottis closed there are 
equal pressures inside and outside the bronchial wall.  Sudden opening of the glottis at time t 
= 0 causes release of internal airway pressure, so that Pi < Po .  This net collapsing pressure 
diminishes exponentially with time as air is vented explosively.  The resulting sudden 
acceleration of the wall mass causes harmonic motion.  In this model the harmonic motion of 
the bronchial walls translates into axial, in-and-out motion of air in the airways, producing a 
cough sound, which is superimposed on the larger positive outflow of air from the lungs. 
 
 
Equivalent spring-mass-damper system 
 
In the spring-mass-damper system, the spring represents the elastic stretch of the bronchial wall, 
which is composed of smooth muscle and elastic fibers.  The mass represents the mass of the 
bronchial wall and of any surrounding edema fluid or pus.  The damper represents the viscosity 
of bronchial wall tissue.  During the inspiration phase of the cough reflex the spring is stretched 
as the lungs expand.  During the pre-cough compression phase the glottis is closed, and trapped 
and air cannot escape; pressure builds up inside the bronchus and becomes equal to that in 
surrounding lung tissue (alveoli).  When the internal pressure, Pi , equals the alveolar pressure,  
Po , the system comes to a temporary equilibrium, and there is no radial wall motion.  Then, 
when the glottis opens suddenly, the trapped air is released during the explosive phase of the 
cough sound.  There is now a negative, collapsing, pressure, Pi − Po < 0, as air rushes out through 
the mouth (Figure 3).  The variable, x, represents the departure of the inner radius of the 
bronchus from its zero transmural pressure equilibrium.  Because of the sudden release of 
internal pressure, one would expect some ringing or radial vibration of the bronchial wall during 
this event.  The first question at hand is: would this ringing be of the right amplitude, frequency, 
and duration to produce an audible, cough-like sound?   
  






x < 0 
Pi − Po = 0 Pi − Po < 0 
t > 0 
r = 0 




To answer this question a biomechanical model of a tree of bronchi is created having defined 
diameters, wall thicknesses, and lengths, and allowing calculation of radial wall motions at each 
level of the tree: trachea, main stem, lobar, lobular, segmental, etc.  Both the speed of radial wall 
motion indicated in Figure 4, that is, dx/dt, or ẋ for short, and surface area of a particular 





























Figure 4.  Schematic cross section of a bronchus.  Shading indicates bronchial wall in either 
expanded or contracted state.  Dashed ring indicates the equilibrium or zero transmural 
pressure state, and r0 denotes equilibrium pressure radius.  Po denotes external pressure, Pi 
denotes internal pressure, h denotes wall thickness, r denotes variable inner wall radius, and 
 denotes a specific angular sector.  Wall displacement, x = r – r0 . 
 
  

















































Figure 5.  (a) Diagram of thin walled elastic tube.  The wall thickness is denoted  h.  Pressures 
are denoted P.  Arrows indicate forces on ends of a small sector, r, of the circumference, 
resolved into components parallel and normal to radius r. L denotes the axial length of the 

















In this modeling exercise, the “forward problem” is to compute a theoretical cough sound based 
upon the underlying physics.  The “backward problem” is to specify the necessary signal 
processing on the computed cough sounds to separate normal coughs from pneumonia coughs, 
and perhaps even back-calculate the amount of fluid in the lungs as a measure of the severity of 
the pneumonia.  Ultimately, an effective algorithm could be incorporated into a cell phone 
application for back country use by community health workers to improve the field diagnosis of 
childhood pneumonia.   
 
 
Equation of motion for a vibrating bronchial wall 
 
Spring constant, k 
 
Figure 5 shows a diagram of a thin walled cylindrical elastic tube of inner radius, r, wall 
thickness, h, and length, L, subjected to internal pressure, Pi , and external pressure Po , with 
transmural pressure ΔP = (Pi − Po), in keeping with the anatomy of the lungs.  In this problem 
Po (outside pressure) indicates surrounding lung tissue pressure or alveolar pressure acting on a 
bronchus.  P > 0 indicates an expanding pressure.  When P = 0 the internal radius is r0, and the 
wall thickness is h0.  A small angular sector of the tube,  << 2 , is shown.  The pressure 
induces stress,  (force/area), in the tube wall, which acts in the hoop dimension.  The arrows in 
Figure 5 indicate the reactive forces acting on sector r .  Spring, k, represents the reactive 
elastic force acting radially toward the central axis of the bronchus.  To find the spring constant, 
k, note that the normal force, F, on the sector created by the transmural pressure difference is 
ΔF = ΔPLrΔθ.  By deduction from Figure 5, the oppositely directed reactive force from elastic 
stretch of the segment is ΔFR = σhL ⋅ 2 sin( Δθ/2).  Young’s modulus of the wall material 





hL ⋅ 2 sin( Δθ/2).         (1) 
 





hL ⋅ Δθ.           (2) 
 











For small positive r in an airway with typical nonlinear characteristics of a biomaterial, the 
stiffness, E will increase and  h  will decrease as  x  increases, producing offsetting errors, so that 





Δθ,            (4) 
 
which is roughly constant. 
 
 
Damping constant,   
 
Now define a damping modulus, D, (material viscosity) analogously to Young’s modulus, E, 
such that the added stress in response to strain rate, d/dt, is  = Dd/dt, and the damping 





Δθ.            (5) 
 
Both E and D at each segmental level are input parameters for the model.  The values of Young’s 
modulus, E, can be estimated from the measured and published properties of bronchial walls[7].  
Here the initial values for airway stiffness, E, are taken as constant for airways at all levels of 
branching, and the damping modulus, D, is estimated by trial-and-error in order to produce 
clinically realistic explosive-phase durations for cough sounds of ~ 0.1 sec.  (If D = 0, the cough 







The next task is to describe mathematically the effective mass of the tissue and fluid that is 
accelerated by radial motion of the airway wall as a function of model parameters, such as the 
tissue mass density, , the axial length, L, the zero pressure radius, r0 , and the total thickness of 


























Figure 6. Expansion/contraction of spherical shells of incompressible fluid surrounding an 
elastic vessel.  The fluid density is denoted   . 
 
A mass of surrounding fluid, having density, , is moved in the radial dimension as the surface 
of the bronchus expands.  For an incompressible fluid, the same mass is moved at successively 
larger radii, r > r0, away from the surface of the bronchus.  However, the thickness of the shell of 
moving fluid is less, because of conservation of mass.  Also, as the fluid spreads out, its radial 
velocity becomes much slower.  Since the cross section is larger at successively larger radii, p, 
the velocity of an expanding shell of fluid at radius, p, must be less than the velocity of the 
expanding surface of the bronchus, dr/dt.  (Note that outward fluid flow = velocity  cross 
sectional area.)   
  
r0 
r0 + r 
p 




For conservation of volume and mass, if A(r) is the surface area of the bronchus, A(p) is the 







A(r).  Using this idea, one can find the relationship between the acceleration, 
d2p/dt2, of fluid at radius, p, and the acceleration at the surface of the bronchus, d2r/dt2, as 
follows.  
 
If a cylindrical bronchus of length, L, suddenly expands from an unstressed radius r0, causing a 
generalized outward radial mass movement of fluid of density, , the instantaneous radius of the 
bronchus is r = r0 + r.  For the small signal case, r  r0 .  The rate of expansion of the surface of 


















 .        (6) 
 










 .            (7) 
 
In turn, the incremental mass that is moved in time dt for a shell dp thick is 
 
dm = ρ2πrLdp ≈ ρ2πr0Ldp ,         (8) 
 
and the same mass is moved at outer shells at slower velocity for successive shells of constant 
thickness dp, because the surface areas of each successive expanding shell keep increasing, while 
the mass and volume of incompressible fluid are constant. 
 











 .         (9) 
 
In turn, for the small signal case, r  r0 , the total mass times acceleration of the surrounding 
























) ,  (10) 
 


















Equation of motion 
 
The net expanding force on the segment of bronchial wall is (Pi − Po)Lr0Δθ minus the reactive 
force or  
 








 .     (12) 
 
Combining the forgoing parts and using Newton’s second law of motion, Net force = mass  
acceleration, we have, after cancelling the L terms, the following equation of motion for the 
bronchial wall: 
 
























x = ∆Pr0 ,       (14) 
 
where ẋ indicates radial velocity and ẍ indicates radial acceleration. 
 
This is a second order differential equation of the form 
 
Aẍ + Bẋ + Cx = F(t), 
 




), B = D
h0
r0
, C = E
h0
r0
, and F(t) = ΔP(t) r0 .    (15) 
 
 
Characterizing pressure differences, P, across bronchial walls 
 
The next step is to characterize the time-varying pressure difference, P(t), across the bronchial 
walls at various levels of the tracheobronchial tree.  There is the external pressure, Po , and there 
is also the internal pressure, Pi , that must be specified.  External wall pressures exist because 
airways in the chest pass through lung tissue composed largely of alveoli and other airways, 
where they are subjected to side-on alveolar pressure.  Hence, the pressure in surrounding alveoli 
is the external pressure, Po , on the bronchial walls.  Internal pressure in the bronchi varies as air 
flows in or out along the airways, associated with the axial pressure drop across Ohmic airway 
resistance.  The transmural pressure on an airway at any level inside the chest is the difference 






External pressures on bronchial walls 
 
The time history of external pressure on bronchi, Po(t), which is the same as alveolar pressure in 
the lungs, can be represented approximately by decompression of a rigid pressure vessel through 













Figure 7.  Decompression of squeezed air in the lungs during the explosive phase of a cough.  
Here Po(t) is the pressure rise inside the lung with respect to atmospheric pressure, Po(0), 
which is the initial pressure rise in the box at the beginning of the cough.  This pressure is 
suddenly vented by flow through the airway resistance, Raw . 
 
 
A cough is an exaggerated forced expiration, with two special boundary conditions.  One is that 
the trachea in the neck is not subjected to side-on intrathoracic pressure.  The other is in the case 
of severe lobar pneumonia, in which most of the local upstream alveoli are filled with fluid and 
pus. In this case it assumed that 90% of the alveoli in the affected lobes contain fluid rather than 
gas.  In this case the local air-filled lung volume is reduced to 10% of normal. 
 
Here it is assumed that during the explosive phase of a cough the chest wall and diaphragm are 
relatively rigid and so air under pressure is vented through the airway resistance like the 
decompression of a rigid-walled cylinder filled with air at time zero.  Based upon the ideal gas 
law relating absolute pressure in the lung, Pabs , volume V, and the number of molecules, n, for 
small absolute pressure changes (~ 40/760 mmHg), n is roughly proportional to the volume, 










 .            (16) 
 
Here the subscript, abs, is used to denote absolute, versus gauge pressures.  At time zero absolute 
Pabs(0) = 760 mmHg + Po(0), where 760 mmHg is atmospheric pressure and Po(0), the initial 
pressure rise in the chest during a cough, is about 100 mmHg.  Therefore, for 100 mmHg cough 
compression pressure[8] initially Pabs(0) ≈ 860 mmHg . 
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  .         (18) 
 
Passing to the derivative with respect to time, and noting that absolute Pabs(t) = 760 + Po(t) and 
that in turn dPo(t)/dt = dPabs(t)/dt, that is, the derivative of absolute pressure equals the time 





































+ C .        (21) 
 



















Raw .          (23) 
 
Equation (23) gives the expression for the external pressure on intrathoracic airways during 
cough.  Here Po is the pressure outside the airway walls, and Po(0) is the initial pressure in the 
lungs  at the beginning of the cough.  The value for Pabs(0) in the exponent is the absolute 
pressure from the ideal gas law, just prior to release of the cough  
 






Internal pressures on bronchial walls 
 
Now, to characterize pressures inside the airways for the model of laminar air flow in the 
tracheobronchial tree in Figure 2, one can use Poiseuille’s law to specify the local resistance, R̂k , 
of each individual segment at level, k, in terms of the airway diameters at a particular level.  
These values are given inputs based on lung anatomy.  The parallel resistance, Rk , of all  nk  




 .  Here for simplicity one may assume that all the parallel resistances at a given 
level are identical.  In turn, the total airway resistance, Raw , is the series combination of the 
lumped parallel airway resistances at each level, or 
 
Raw = ∑ Rn
N
n=1  ,          (25) 
 










  .         (26) 
 
As suggested in Figure 7, flow from alveoli to mouth is Ohmic, or resistive, with a positive axial 
pressure gradient from lower to upper airways.  The internal pressure in the bronchus, therefore, 
depends upon the level in the tracheobronchial tree.  It is higher in smaller distal bronchi and 
lower in larger, proximal bronchi.   
 
The internal pressure at the midpoint of segment, k, is  
 

























) .        (27) 
 
Here Po(t) is the pressure rise inside the lung alveoli with respect to atmospheric pressure as a 

















) ,       (28) 
 
where Po(0) is the initial pressure built up during the compression phase of the cough prior to 






Transmural bronchial pressure, P = Pi – Po  
 
















) ,       (29) 
 







Raw ,          (30) 
 
















) .       (31) 
 
In the explosive phase of the cough, the transmural pressure is a negative signed, collapsing 
pressure. 
 
Note that since the trachea is outside the chest cavity and very close to the open mouth, the 
transmural pressure in the trachea at times t > 0 is approximately zero.   
 
Now, combining Equations (14) and (31), we have the equation of motion for the bronchial wall 


























) ,  (32) 
 












x = 0 .        (33) 
 
The model parameters r0, h0, Rmax, etc. come from the basic anatomy of the lungs and of the 
airways at each level, k, and from the basic material properties of the bronchi such as stiffness 
and viscosity.  The forgoing equations yield set of simultaneous differential equations for 






Sound pressure from bronchial wall motion 
 
To determine whether the motion of bronchial walls described by these equations would actually 
produce an audible, at least somewhat cough-like, sound, one can for simplicity consider the 
whole tracheobronchial tree as a nearly closed box, as drawn in Figure 8. 
 









Figure 8. Sketch for computing plane wave acoustic radiation from a vibrating plate. 
 
 
A vibrating plate of area, A, moves through a gas of mass density, air , at time varying  




A|v|Δt > 0.           (34) 
 
This is the mass of gas swept out by the plate (in either the forward or reverse direction) and so 
accelerated from 0 to v in the x-direction, normal to the plate.  Note that the mass must always be 
positive. 
 
Acceleration of this mass requires a force equal to the resulting mass  acceleration, or  
 










A|v|v.       (35) 
 








|v|v .          (36) 
 
If the plate represents a section of bronchial wall and positive wall displacement, x, represents 
bronchial wall expansion, then negative wall displacement represents inward wall movement, 


















If the multiple regions, denoted k, of wall area are moving at different velocities, v, and if the 
dimensions of the enclosed space are less than the wavelength of the sound, then a good estimate 





 ,            (38) 
 
using the local wall areas, Ak , as weighting factors in a weighted average pressure (Figure 8(b)). 
 
The speed of sound in air is about 343 m/sec.  At 500 Hz the period of a sound wave is 0.002 
sec, and the wavelength is sound speed x period or 0.7 m.  This value is much greater than the 
dimensions of the bronchial tree in a human adult or child, so the weighted average is reasonable. 
 
 
Numerical values of model parameters 
 
Here dimensions and the material properties of the airway walls (Table 1) are based on the 
classical morphometric paper by Horsfield and Cumming, who made detailed measurements of 
the tracheobronchial tree[9].  For these initial simulations, the value of Young’s modulus, E, for 
airway walls is 1.5 MPa (15 x 106 dynes/cm2) according to Figure 4 in Wang et al.[7]  For 
simplicity, this value for the material stiffness of smooth muscle is the same for all levels of 
airways.  A constant value for the damping modulus, D, is estimated as 10 dyne-sec/cm2 to give 
clinically realistic durations of roughly 0.1 sec for the explosive phase of normal cough sounds.  
Tissue density is taken as 1.0 g/cm3, that of water.  The density of air in the lungs and bronchi is 
taken as 0.001225 g/cm3.  The viscosity of air is taken as 0.000198 dyne-sec/cm2.  Baseline lung 
volume is 6000 ml in the normal adult human model.  The wall thickness-to-radius ratio for 
airways is estimated as 0.15 for airways at all levels, based on histologic images.  Peak pressure 
in the lungs just before and during the explosive phase of the cough is estimated as 100 mmHg or 





























        
1 0.8  10 50 15,000,000 10 1 
2 0.6  4 30 15,000,000 10 2 
3 0.515  2.6 34 15,000,000 10 4 
4 0.445  1.8 20 15,000,000 10 4 
5 0.385  1.4 14 15,000,000 10 4 
6 0.33  1.1 14 15,000,000 10 6 
7 0.285  1 21 15,000,000 10 12 
8 0.245  1 25 15,000,000 10 16 
9 0.21  1 32 15,000,000 10 24 
10 0.175  1 31 15,000,000 10 28 
11 0.165  0.96 40 15,000,000 10 40 
12 0.155  0.91 53 15,000,000 10 60 
13 0.145  0.86 58 15,000,000 10 74 
14 0.14  0.82 66 15,000,000 10 92 
15 0.13  0.78 82 15,000,000 10 128 
16 0.12  0.74 95 15,000,000 10 170 
17 0.115  0.7 115 15,000,000 10 228 
18 0.11  0.67 146 15,000,000 10 316 
19 0.1  0.63 175 15,000,000 10 442 
20 0.089  0.57 217 15,000,000 10 682 
21 0.0755  0.5 237 15,000,000 10 998 
22 0.0645  0.44 271 15,000,000 10 1520 
23 0.055  0.39 298 15,000,000 10 2208 
24 0.0465  0.35 343 15,000,000 10 3350 









Equations (32) and (33) for radial motions of airway walls at various levels were solved 
numerically, beginning with suitable initial conditions for successive small time steps, t = 
0.000001, using the simple Euler method ( ẋ ← ẋ + ẍΔt  and  x ← x + ẋΔt ) to create a marching 
solution for wall velocity, ẋ, and for wall displacement, x, as a function of time, t.  A set of such 
equations with different values of A, B, C, and F(t) as functions of E, D, r0, and so on, can be 
used to represent each of the 25 levels of bronchi, which have different dimensions, as listed in 
Table 1.  Local bronchial wall acceleration is computed from the governing equation  
 





[F(t) − Bẋ − Cx] ,          (40) 
 
with proper expressions for A, B, C, and F at each level. 
 
Then the aggregate sound intensity from various levels of the tracheobronchial tree, is calculated 
using Equations (37) and (38) and the measured total surface areas of bronchi at each segmental 
level in Table 1.  The weighted average of sound pressure values S1, S2, … SN , having weights 









 ,           (41) 
 
to represent a simulated cough sound. 
 
Recognizing that the trachea (airway generation n = 1) is located in the neck, outside the chest, 
for airway generation n = 1, the function F(t) for times t > 0 is computed with zero external 
pressure and nearly zero internal pressure so that F(t)  0 for t > 0.  As an added boundary 
condition, the trachea is subjected to pre-cough expansion pressure, Plung(0) at times t  0.  This 
pre-stressed condition of the trachea (unlike other airways inside the chest) will cause pre-
expansion.  The degree of pre-expansion is computed as part of the initialization routine when n 
= 1 and r(n) = r(1), based upon the Law of Laplace for thin walled pressure vessels and Young’s 
modulus, E(1), of the wall material of the trachea. 
 
For simulations of pneumonia, extra fluid surrounding bronchi is modeled for airway generations 
n > 2 by increasing from Rmax = (1 + h0/r0) * r0(n) to Rmax = 10 * r0(n) in the segments, n , 
involved with the pneumonia.  The following section presents an initial sample of possible 








Normal cough sounds 
 
Figure 9 shows the weighted average sound intensity vs. time for a normal cough in an adult 
model.  Time domain outputs of waveforms for plotting are sampled at no less than 10 kHz to 
avoid aliasing.  The complete time history (left) shows that the duration of the simulated cough 
sound resembles that of the explosive and intermediate phases of a real cough as sketched in 
Figure 1.  The “tail” portion of the simulated cough waveform on an expanded time scale (right) 
reveals the dominant frequency of the cough sound.   
 
 
    
 
Figure 9.  Time histories of sound pressure during simulated explosive and intermediate phase 
coughs in an adult human model.  Left: complete time sequence.  Right expanded scale time 
sample in the “tail region” of the sound.  These samples are for normal lung models 
(Pneumonia = 0).  There is exponential decay of the sound pressure, as expected for damped 
harmonic motion.  The dominant frequency of the normal adult model is approximately 900 
Hz.   
 
 
The explosive phase of the cough lasts about 100 msec, followed by an intermediate phase, 
exponential tail.  The expanded time scale shows a frequency of about 900 Hz (9 cycles/0.01 
sec).  In this model cough compression ends abruptly with glottis opening, accounting for the 
sudden rise and continually falling amplitude of the cough sound. 
 
The sound pressure averages about 0.5 dynes/cm2.  The definition of sound pressure level (SPL) 
in human hearing in units of decibels or dB is  
 
SPL = 20 log10 (
P
P0
) ,          (42) 
 
where P0 is the threshold for human hearing, typically quoted as is 2 x 10
-5 Pa = 2 x 10-4 
dynes/cm2.  For the average simulated cough sound P/P0 ~ 0.5 / 0.0002 = 2500.  The 
corresponding SPL in dB is ~ 68.  This sound would be louder than normal conversation (60 to 























































Cough sounds with pneumonia 
 
Figure 10 shows similar time histories for a worst-case model of an adult patient with “double 
lung” lobar pneumonia, in which all airways of segmental level 3 or higher (all branches of the 
main stem bronchi in both lungs) are surrounded by fluid and pus.  In this simulation fluid of 
density 1.0 g/ml extends out to a radial distance, Rmax = 10 times r0 , from affected bronchi, 
greatly increasing the local effective mass.  Additionally, there is increased airway resistance 
(10x) in segment levels 3 to 25 to mimic swelling of the bronchial walls.  This increased 
resistance would be expected for either bronchopneumonia or lobar pneumonia.  Since upstream 
alveoli are mostly (~90%) filled with pus and fluid in lobar pneumonia, the corresponding pre-
cough volume of air in pneumonic lung is reduced to 10% of normal. 
 
 
    
 
 
Figure 10.  Time histories of cough sound pressure in an adult human model with increased 
airway resistance and with fluid and pus surrounding the airways (Pneumonia = 1) out to 
radial distances 10 times the inner radii of the bronchi at each segmental level.  Left: complete 
time sequence.  Right: expanded scale time sample in the intermediate phase “tail region” of 
the sound.  There is coarsening of the cough sound with the addition of higher amplitude, 
lower frequency components near 400 Hz summing with the 900 Hz normal components.  
 
 
With surrounding fluid mass, the waveform in the tail region of the cough sound is more 
complex, with the inclusion of lower frequency components.  The pneumonia signal in the tail 
region is similar to the normal signal, but with added, larger, low frequency waves of  
























































Sources of pneumonia signals in the tracheobronchial tree 
 
To determine which particular parts of the pneumonia model are generating the louder, higher 
frequency components versus the softer, lower frequency ones, the sound pressure generated at 
each level is plotted separately for branching levels n = 1 to n = 4.  Also, as a reality check on the 
working assumption that x(t)/r0 << 1, the relative amplitude of wall oscillation, x(t)/r0, is plotted 
at each level of branching.  These results are shown in stacked columns in Figure 11, with each 
column representing a particular segmental level.  Level 1 and level 2 airways are not surrounded 
by fluid.  Level 3 and level 4 airways are surrounded by simulated pneumonic infiltrate. 
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   n = 3      n = 4 
 
    
 
 
    
 
 
    
 
 
Figure 11.  Simulated cough sound waveforms generated by radial motion of bronchial walls 
at particular branching levels, n , after sudden release of intrathoracic pressure.  Left: full 
time scale.  Right: expanded late-explosive-phase.  First box shows signals from the trachea (n 
= 1) and from the main-stem bronchi (n = 2).  These first two levels are not surrounded by 
simulated fluid and pus of lobar pneumonia. Second box shows effects of surrounding fluid 
and pus upon signals from the second order branches (n = 3) and from the third-order 
branches (n = 4).  Presence of surrounding fluid greatly decreases the harmonic frequencies 
of the simulated sound signals.  Sound pressures generated by Level 3 and 4 bronchi are ~ 
1/30th those generated by Level 1 and 2 bronchi.  The fractional changes in radius are 

































































































































































The mathematical modeling approach allows straightforward isolation of the the mechanics at 
any particular level of airway branching.  High frequency, high intensity cough sounds come 
from the trachea and main stem bronchi that are not surrounded by fluid.  Low frequency, low 
intensity cough sounds come from small airways surrounded by fluid.  In this “double 
pneumonia” model only the level 1 and level 2 airways are not surrounded by fluid.  They 
resonate at a frequency of about 9 to 10 cycles in 0.01 sec or 900 to 1000 Hz.  Level 3 and 4 
bronchi produce much softer sounds, only about 1 to 4 percent of the amplitude of sounds from 
the upper airways.  These much smaller oscillations happen at lower frequencies of about 3 to 4 
oscillations in 0.01 sec or 300 to 400 Hz.  Also, there is relatively slower decay of the cough-
related signal with time, compared to the signals from the trachea and main stem bronchi.  For 
level 1 and 2 airways the “tail” signal at 200 msec is roughly 1 to 5 percent of the peak sound 
intensity.  However, for the level 3 and 4 airways the “tail” signal is greater than 50 percent of 
the peak sound intensity.  The cough sounds generated by airways surrounded by fluid are lower 
in pitch and last longer.   
 
 
Scaling for children vs. adults  
 
Since one important clinical application of this research relates to childhood pneumonia, rather 
than adult pneumonia, a child-sized model was created using basic scaling rules in biology that 
describe the structural and functional consequences of changes in body size among geometrically 
similar organisms[11].  Volumes are scaled according to the cube of the linear dimensions, and 
areas are scaled according to the square of linear dimensions.  According to Poiseuille’s law, 
resistance to laminar fluid flow in a tube is inversely proportional to the fourth power of the 
radius and directly proportional to the length.  If airway dimensions change by ScaleFactor, then 
the resistance will change by a factor of 1/ScaleFactor3.  The scaling of resistance is inverse 
cubic.  Additionally, here it is assumed that children’s tissues are softer, roughly in proportion to 
the scale factor, so that the stiffness and damping moduli, E and D, are also multiplied by 
ScaleFactor.   
 
Figure 12 illustrates results from a 40% scale, child-sized model.  The frequencies are higher, but 
the pneumonic cough is still lower in frequency and longer in duration.  This result is in keeping 







    
 
 
    
 
Figure 12.  Raw sound pressure data showing simulated cough sound waveforms.  Left: full 
time scale.  Right: expanded intermediate phase time sample in the “tail region” of the sound.  









































































































The low amplitude, low frequency pneumonia signal at the tail region of the cough sound is still 
present in children at about 400 Hz.  This is well within the frequency range of human hearing, 
20 to 20,000 Hz[12].  It would be difficult to hear, because of the much larger amplitude normal 
components.  However, it is possible that digital signal processing techniques could be used to 
extract the lower frequency components. 
 
 
Forward and backward problems 
 
Having obtained preliminary solutions to the “forward” problem (from anatomy to sound); it is 
appropriate to explore the “backward” problem (from sound to anatomy) namely, the prediction 
of the amount of normal vs. pneumonic lung tissue from analysis of the cough sounds. 
 
 
Signal conditioning -- implementing a haircut function 
 
To trim the early-stage, high amplitude, high frequency components that come from the trachea 
and main stem bronchi, one can multiply the sound pressure function, S(t), by the haircut 
function, f(t) = (1 − e−t/).  The constant, , is the time constant.  When t = , then the conditioned 
output, S(t) f(t) will be about 63% of the maximum value.  When t → 0 the output will be near 
zero (maximum trimming), and when t >> , the output will be minimally trimmed and 
essentially equal to S(t).  Figure 13 illustrates effects of this first stage of signal processing for 
the 0.4 scale child model using a time constant of  = 0.1 sec.  The haircut function trims the 







    
 
 
    
 
 
Figure 13.  Effects of signal conditioning using an amplitude trimming “haircut” function on 
cough sound waveforms.  Left: full time scale.  Right: expanded intermediate phase time 
















Figure 14: Sketch of a windowing function for a digital low-pass filter. Solid curve is the input 
data stream.  Dashed lines indicate the windowing function.  The window width in number of 






































































































0.4 child scale, Pneumonia = 1 




Real time digital signal processing using a weighted running average (child model) 
 
To illustrate proof of concept for a solution to the backward problem, one may continue with a 
simple low-pass filtering strategy, such as computing a running average of the time domain data, 
multiplied by a windowing function (Figure 14).  Here a low pass filter is created to compute the 
average sound pressure in a window w+1 samples wide, from c−w/2 to c+w/2, centered at index, 
c, as shown in Figure 14.  The dashed lines indicate the windowing function.  This windowing 
function is a pair of linear ramps.  The output of the windowing function is a weighted average, 
with specified weights, wi , for sample, i .  The weighted average is computed as the sum of the 




 ,           (43) 
 
where the weights represent values of a 45-degree ramp on either side of  c .  Here the window 
width is the number of samples corresponding to 3 msec in time.  Figure 15 shows the values of 
the filtered signal for double pneumonia conditions in the child sized model from 0.1 to 0.11 sec 
(late explosive phase).  Subtle low frequency components, indicating pneumonia, are preserved 





Figure 15.   Filtered cough sound in the late-explosive phase of a simulated cough.  A low-
pass filter was applied to the trimmed raw sound data with the linear ramp windowing 
function sketched in Figure 14.  The remaining filtered signal has a period of approximately 2 
msec or a frequency of about 500 Hz.  This frequency is roughly half that of the 































Test signals for less severe lobar pneumonia 
 
To create a set of test signals for lobar pneumonia cases of varying severity, a vector of sound 
values in the time domain for a normal child cough and another vector for a set of lungs 
completely affected by pneumonia (100% of bronchi at levels 3 and higher) were saved.  Then 
for pneumonia involvement fraction, 0 ≤ fp ≤ 1 , a range of test values, 
 
test value = (1 − fp)(normal cough sound) + fp(pneumonia cough sound),    (44) 
 
could be created to demonstrate less severe cases of varying degrees.  For example, if fp = 0.25, 
representing lobar pneumonia in only one of the four major lobes, such as the left upper lobe, the 









     
 
 
Figure 16.  (a) Late-explosive-phase (left) time samples, and mid-intermediate phase time 
samples (right), of resonant signals from (a) normal child model and (b) an otherwise 









































































































A small pneumonia signal can be clearly detected after signal processing.  The signal to noise 
ratio is about 5 in the range of 0.10 to 0.11 sec.  It is even larger further out in the tail.  There is 
promising potential for separating the small pneumonia signal from background noise. 
 
 
A single figure of merit to predict pneumonia 
 
Extending this strategy to a range of cases, 0  fp  1, differing in severity, one can extract a 
single diagnostic figure of merit using the root mean squared sound (RMS) signal after low-pass 
filtering.  The RMS signal is a classical way of quantifying the magnitude of audio frequency 
sine waves that have both positive and negative values.  To create a diagnostic index that is 
patient-independent in terms of amplitude and recording technique, we use here the ratio of the 
RMS low-pass filtered signal to the RMS raw sound signal for times > 0.1 sec after the onset of 
the cough.  Figure 17 illustrates this ratio as a function of fp ranging from 0 to 0.5.  The ratio 
changes greatly as a function of the amount of pneumonia present. Note the log scale.   With 
only 10% of lung involved with pneumonia the signal is about three times the normal, healthy 





Figure 17.  Ratio of root-mean-square (RMS) lobar pneumonia-related sound amplitude to 
total raw cough sound amplitude in the mid-to-late phases of simulated cough sounds as a 



























The present first-principles, physics-based analysis suggests that there is indeed information 
hidden in the cough sound waveform that can provide clues to the presence of pneumonia in 
children.  The pneumonia related signal persists longer than normal cough sounds at relatively 
low amplitudes and low frequencies.  The fundamental physical mechanism is related to the 
increased mass of fluid and pus that is moved during radial harmonic motion of bronchial walls 
in cases of pneumonia.  In particular, the resonant frequency for radial harmonic motion of 
bronchial walls is related inversely to the square root of the surrounding effective mass.  
Although the magnitude of the cough-related sound is much smaller than the magnitude of the 
background sound coming from normal airways, signal processing in the frequency domain 
allows separation of the fainter abnormal components from the louder normal components.  The 
effectiveness of signal processing in the frequency domain is well known in electrical 
engineering and also to anyone who has tuned a radio dial to select a weaker, more distant 
station, rather than a stronger, more local one.   
 
Importantly, the frequency of the pneumonia related sounds is in the range of 300 – 500 Hz, 
compared to the frequency of normal cough sounds near 1000 Hz. It is critical, therefore, that the 
frequency response of the microphone used to record cough sounds for analysis include this full 
range.  Abeyratne’s original research on cough sounds in sick children[3] used a Rode NT3 






Figure 18.  Frequency responses of the Rode NT3 microphone used to record cough sounds in 
sick children (recordinghacks.com/microphones/Rode/NT3) and three iPhone microphone 



































The frequency response of the Rode NT3 microphone is almost perfectly “flat” over the range of 
interest, and the pneumonia-related frequencies are preserved.  However, in moving forward to 
cell-phone-based applications, it must be recognized that not all built-in microphones on cell 
phones have a flat response in the frequency range needed to detect the pneumonia signal, as 
shown in Figure 18.  Among those shown, only the iPhone3G would be certain to capture the 
low tones of the pneumonia cough.  Attention to this detail will be critical, if health care workers 
are to be successful employing cough sound analysis in the field.  With this caveat in mind, 
however, the entire system for pneumonia detestation can, in principle, be embedded in a 
suitably equipped smart phone device that can acquire cough sounds, analyze them for telltale 
pneumonia-related frequencies, and display easily interpreted diagnostic information at the 
bedside, within seconds. 
 
The ultimate medical device envisioned by this research has many advantages for a field-
deployable diagnostic test in low resource settings.  It can be extremely low in cost.  It is non- 
bulky, lightweight, and portable.  It does not fall over and break.  It does not require specialized 
laboratory space, a separate source of electricity, clean water, or temperature control.  It does not 
require needles or blood draws.  It can be used by minimally trained workers in a small number 
of steps without special adjustment or calibration.  The results are available almost instantly, 
allowing high throughput and rapid work flow. Interpretation of the results can be made so 
simple that there is little risk of error.   
 
Abeyratne and coworkers[3,4] have developed and validated sophisticated data processing 
algorithms for classification of pneumonia related vs. normal cough sounds in children.  Their 
approach involves first segmenting each cough sample into 12 time bins approximately 30 msec 
long, computing a feature matrix from these signals including log energy and zero crossing rate 
(which is related directly to frequency), separating features of known pneumonia cases from 
known normal cases in a multi-dimensional feature space using classifier functions, selecting an 
optimal classifier function, and defining a Pneumonic Cough Index (PCI) to identify patients 
with pneumonia[4].  Thus, the PCI could be calculated for unknown cases to give a prediction 
regarding the presence of pneumonia.  This approach is essentially descriptive and empirical; it 
does not require knowledge of underlying mechanisms. 
 
The present paper lends support to Abeyratne’s work by creating a biomechanical theory that 
links particular differences in cough sounds to the presence of bronchial wall thickening and of 
pneumonic fluid and pus in the lungs.  Improved understanding of underling mechanisms may 
allow simplification of feature selection, pruning of the number of features, and attendant 
increase in the signal-to-noise ratios of cough sound based diagnostic methods.  Further 
development of this promising approach to low cost, fully non-invasive diagnosis of pneumonia 
in children is warranted.  The sample results presented here are by no means exhaustive.  There 
is a large model parameter space to be explored.  Important future work might well include 
effects of white noise from expiratory air flow, the addition of continued active compression of 
lung volumes by chest muscles after glottis opening, and further adjustment of filter parameters, 
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